potentials (spikes) and local field potentials (LFP) in the brain, and electrocorticogram (ECoG) and electroencephalogram (EEG) signals on the brain surface and scalp [1] . Completely lacking from BCI systems to date is the recording of chemical neural activity, which offers an important neural signal modality for decoding the brain state. These signals are further implicated in several diseases of the central nervous system. If the only purpose of a BCI system is to control a cursor or to move a robotic arm [2] [3] [4] , electrical recordings would suffice. However, a neurochemical monitoring module may advance the future applications of clinical BCI systems, such as closed-loop deep brain stimulation (DBS) for Parkinson's treatment [5] .
Electrical and chemical neural activity are tightly coupled in the central nervous system. The presynaptic cells release excitatory or inhibitory neurotransmitters into the synapse upon the arrival of a nerve impulse [6] as illustrated in Fig. 1 . These chemical messenger molecules, such as dopamine and glutamate, bind to receptors on the postsynaptic cell and cause excitatory or inhibitory postsynaptic potentials (EPSPs and IPSPs). The neuron integrates all of the postsynaptic potentials and decides whether to fire an action potential or not. The abnormal functioning of this signaling cascade causes severe damage to the underlying cellular substrates. In aging-related neurodegenerative disorders, such as Parkinson's disease, motor functions are disrupted due to the death of dopaminergic neurons in substantia nigra which project to the striatum. This pathway is shown in Fig. 1 . In case of cardiac arrest (CA), uncontrolled neurotransmitter release due to the absence of modulatory electrical activity in the brain is the basis of glutamate excitotoxicity which leads to excessive neuronal cell death [7] . Chronic observation of both signals in awake behaving subjects after CA is needed to evaluate the effect of treatments, such as hypothermia [8] on recovery after the brain injury. Other neurotransmitters, such as nitric oxide (NO), are mediators in neurovascular coupling and monitoring their activity can enhance the understanding of cerebrovascular pathology during aging [9] .
The interplay between electrical and neurochemical activity is also implicated in several basic neural pathways, such as rewards and learning, and has been neglected in BCI systems. This neurochemical activity contains information about the relationship between presynaptic and postsynaptic activity which, in turn, can modulate LFP activity. The neurochemical activity may also result in the neuronal modulations or rhythms which can be observed in ECoG or EEG recordings. These signal modalities offer a different perspective on neural information for BCI systems. The generation or modulation of these signals due to neurochemical activity can offer a deeper understanding of brain states which, in turn, can lead to a more stable and accurate BCI system. All of the mentioned applications require low-power simultaneous multimodal acquisition in awake behaving scenarios.
Most of the neural monitoring systems designed to date have focused on one specific signal modality. Several methods have been reported in the literature for monitoring neurotransmitter activity. Some of these are optical and chromatographic methods, positron emission tomography (PET), and single-photon emission computerized tomography (SPECT) [10] [11] [12] . These methods are mostly indirect, detecting products of reactions involving the neurotransmitter, rather than the neurotransmitter itself and are not amenable to low-power operation in behaving subjects. Alternatively, electrochemical detection of electroactive neurotransmitters [13] can be implemented in very-large-scale integrated (VLSI) systems which offer low power, multiple channels, low noise, and high sensitivity in a very small footprint. Over the years, several groups have presented VLSI potentiostat chips with one or multiple channels. Turner et al. [14] used a direct current-to-voltage conversion with an opamp and a resistor with 100-nA sensitivity and a 32-dB dynamic range. In the work presented by Kakerow et al. [15] , the input current was integrated on a capacitor and the voltage across the capacitor was sampled as a measure of the current leading to an improved sensitivity and dynamic range. Both of these designs were single channel potentiostats. Gore et al. described a multichannel semisynchronous analog-to-digital-converter (ADC)-based potentiostat [16] with 50-fA sensitivity and a 60-dB dynamic range. We have previously designed a 16-channel potentiostat with subpicoampere sensitivity and a 140-dB dynamic range using a configurable incremental ADC [17] . Mohseni et al. used a programmable second-order modulator along with a wireless interface [18] enabling amperometry as well as cyclic voltammetry.
Recent advances in neuroscience have also driven research in VLSI circuit design for recording electrical activity from the brain. As stated before, these signals can be recorded from within the brain (spike and LFPs), the surface of the brain (ECoG), or from the scalp (EEG). These modalities of neural potentials occupy different frequency bands from 0.1 Hz to 5 kHz and lie in amplitude ranges from 20 to 500 V [19] . A versatile VLSI system which can interface to all of these modalities is highly desirable. Several VLSI systems have been developed previously [20] [21] [22] [23] [24] [25] [26] [27] [28] [29] [30] to acquire different neural signals. Typically, the range of frequencies covered by any one of these systems is limited to one or two signal modalities, to accommodate high efficiency for the targeted application.
Recently, Roham et al. reported a configurable system for monitoring electrical or chemical activity [31] . Despite acceptable system performance, the VLSI module can work in only one mode at a time. The authors expanded their work by designing a wireless IC for time-shared monitoring of electrical and electrochemical activity [32] , [33] . The circuit uses one ADC which is shared between two modalities of the recording. The neurochemical sensing module offers 8.1-pA input current noise in the amperometry mode while consuming 76 W of power from the supply. The neuroelectrical sensing module has a 5-V input referred noise while consuming 86 W of power.
We have previously reported on designing individual modules for monitoring brain activity [34] [35] [36] . Here, we present an integrated wireless neural interface system for the simultaneous acquisition of neuropotential and neurochemical activity from the brain. The system contains three modules integrated onto two microchips as illustrated in Fig. 2 . The neurochemical module consists of a potentiostat with 80-dB dynamic range and picoampere sensitivity for the electrochemical detection of neurotransmitter concentrations down to the nanomolar range. A neuropotential module consists of a 40-dB gain amplifier with a tunable bandpass bandwidth up to 8.2 kHz in order to isolate the signal of interest-spikes, LFPs, ECoG, or EEG. Both neurochemical and neuropotential modules contain incremental ADC which allow programmable digital gain and measurement resolution based on the dynamic range of the acquired signal. A separate microchip integrates a power harvesting and telemetry module [34] , which uses electromagnetic induction at 4 MHz to provide power to both microchips. This module also provides ADC clocks, and transmits data from the neurochemical and neuropotential modules at up to 32 kb/s over a distance up to 4 cm with a bit-error rate (BER) less than . The difference in the spectral content of electrical (hertz to several hundred hertz) and neurochemical signals (megahertz to hertz) is exploited to interleave the digitized bitstreams. Parts of this work have been presented at an invited session in [37] . In this manuscript, we have extensively characterized the effect of wireless data and power transmission on the interface circuitry in terms of noise performance and compared the theoretical and experimental power transmission efficiencies for the circuit operation. Moreover, simultaneous wireless in-vitro tests performed with the system show stable acquisition of both signal modalities and reveal no significant interference between the neuropotential and neurochemical recordings, and in-vivo tests show EEG signals recorded from the neuropotential module.
II. SYSTEM ARCHITECTURE

A. VLSI Potentiostat With Configurable Incremental ADC
The instrumentation required for electrochemical sensing, a potentiostat [35] , holds an electrode at a constant potential and measures the resulting current proportional to the analyte concentration. Fig. 3 shows the schematic diagram and operating clocks of the potentiostat circuitry. Nonoverlapping clocks and are generated from . The ratio of periods of and sets the oversampling ratio (resolution) of the ADC (four in the example shown in Fig. 3 , typically to ). The rising edge of the clock starts the conversion by charging the input capacitor to the redox potential . Clock occurs within and resets the integration capacitor and the comparator capacitor . The integration occurs during and the integrated value is compared to the midvalue . The comparator output is latched by using . If the latched value D is high, a counter value is incremented and the reference current is subtracted from the input current until the comparator flips. Conversely, when is low, the counter value does not change and the reference current is added to the input current until the comparator flips. Digital gain in the ADC is implemented by the duty cycle of the clock (four in the example shown in Fig. 3 ). The gain is achieved by adding or subtracting the reference currents and to the input current only during the high period of . The gain and OSR can be programmed in the range 1-64 and -. At the end of the integration period, before goes high, the value in the counter is shifted into a parallel-in serial-out shift register and read out asynchronously. Fig. 4 shows the block diagram of the neuropotential interface. The bandpass amplifier in the front-end offers fixed-gain (40-dB) amplification with tunable lowpass filtering from 140 Hz to 8.2 kHz. The midband gain is achieved by a fixed capacitance ratio, 100C/C (ratio of input capacitance over feedback capacitance). The dc component of the signal is removed by using the highpass filter implemented using pseudoresistor elements and and capacitor (100 fF) [22] . Two elements were used in series to increase the resistance and, therefore, decrease the highpass cutoff frequency. The bandpass amplifier was designed by using a two-stage fully differential amplifier with independent common-mode feedback circuitry (CMFB) in each stage. The CMFB is required in the differential structure to stabilize the common-mode level of output voltages [38] . The input transistors were chosen as p-channel devices to lower 1/f noise. They are also sized with large W/L to operate in the subthreshold region for the maximum noise-power efficiency. The bias current of the amplifier is adjusted by using an off-chip programmable digital-to-analog converter (DAC). A decrease in the bias current results in a decrease in the unity gain frequency and, hence, the bandwidth of the amplifier while maintaining the input transistors in the subthreshold region. The amplifier was designed for a maximum unity gain frequency of 800 kHz and a phase margin of 62 . A detailed description of the circuit design can be found in [39] . The amplified neural signal is then digitized by using a configurable incremental ADC. In order to digitize the differential output voltage of the amplifier, the amplified signals are first converted to a single-ended current using an nMOS differential pair operational transconductance amplifier (OTA) which also removes any remaining common-mode signal. The OTA input transistors were sized long in order to increase the linear range of operation. The core of the ADC is the same as the structure implemented in the potentiostat circuitry and described in detail in the previous section. This ADC offers programmable resolution from 8 to 12 b and a digital gain of 1 to 4. The digitized output is then read out by using a parallel-in serial-out shift register.
B. Neuropotential Interface
C. Wireless Power Delivery and Telemetry
Fig . 5 illustrates the wireless power delivery and telemetry module coupling inductively and transcutaneously to a base station which supplies power and collects data. The wireless inductive interface is based on a basic principle of electromagnetics-a time-varying current through a coil produces a timevarying magnetic field. Conversely, a time-varying magnetic flux passing through a coil generates an electromotive force (emf) in the coil. Optimal efficiency in power and data transfer depends critically on the geometry of the inductive coupling. We analyzed the effect of coil position and displacement on coupling efficiency between two coils which, in turn, determines the operational range of this module. We present equations governing a simple case with two loops-one being driven by a time-varying current (the primary or transmitter loop) and the other harvesting the resulting magnetic field (the secondary or receiver loop).
We consider a general case where the telemetry or inductive coupling loops may not be coaxial, but have been assumed to be parallel. The mutual inductance between two loops of radii and with a planar separation of and an axial offset of is given by [40] (1) where and are complete elliptic integrals of the first and second kind, respectively, and is the permittivity of the medium.
Once the mutual inductance between the two coils is determined, the voltage induced in the receiving coil can be written as [34] (6) where is a function of the impedance of the secondary coil and the load being driven by it (7) In (6), is the only geometry-dependent term. Thus, for a given configuration of coils, recalling that power is proportional to the square of the voltage, we can calculate what the theoretical power transfer should be by either numerically calculating or approximating the integral in (1) [40] , [41] . Coupling the results from these simulations to the circuit simulations of the wireless module resulted in an operational range of up to 3.5-cm planar separation and 1.1-cm axial offset. The operational range favors the implantable scenario in which the coil positions may not be fixed due to relative movement between the two coils.
While physics describes the relation between the transmitted and received voltages, the induced voltage is a time-varying quantity and needs to be conditioned before it can be used to power a circuit. As illustrated in Fig. 5 , the wireless module microchip achieves this by using a rectifier and two independent voltage regulators. The microchip also contains circuits for clock recovery and data modulation using which data can be transmitted on the same link [34] . The base-station transmission coil voltage is driven by a high-efficiency class-E transmitter. On the receiving side, an off-chip coil feeds into a full-wave rectifier, followed by a low-pass filter and two separate regulators, to generate two 3.3-V supplies for the chip operation. Two supplies were used to decouple digital noise from the analog circuits. A clock recovery block extracts a 4-MHz clock that is stepped down to 1 MHz for the ADC operation. The same inductive link can be used for low-rate data transmission. The non-return-to-zero (NRZ) digitized data are transmitted back via load-shift keying (LSK) modulation. It should be noted from (6) and (7) that the load resistance has an effect on the induced voltage. While the voltage regulation should be able to maintain a constant average power level, LSK data transmission may introduce transient noise into the power supplies. This may manifest as variable noise levels at different data-transmission rates.
At the base station, modulation of the load on the secondary coil changes the current flowing through the primary coil. The change in current is converted to a voltage change by using a resistor. The transmitted signal is decoded using coherent demod- ulation-the voltage is buffered, squared, and lowpass filtered to extract the transmitted data.
III. EXPERIMENTAL RESULTS
The combined neurochemical and neuropotential module and the wireless power harvesting and data telemetry module were implemented separately in two 1.5-mm 1.5-mm microchips in 0.5-m 3M2P complementary metal-oxide semiconductor (CMOS) technology, fabricated through the MOSIS foundry service. Micrographs of the fabricated chips are shown in Fig. 6 . Each module of the system was first characterized independently. For the overall system characterization and for the in-vivo recordings, the digital output (or demodulated data) was acquired by using a data-acquistion (DAQ) card (National Instruments, Austin, TX) and read into a computer. Fig. 7(a) shows the measured normalized digital output of the potentiostat for input currents swept from to ranges. A model 6430 sourcemeter (Keithley, Inc., Cleveland, OH) was programmed to vary the input current. The was set to 40 nA and the system clock was 1 MHz. The digital gain and OSR were programmed individually for each setting for a sampling rate of 250 S/s. As can be seen in the figure, the circuit offers a wide dynamic range for all gain and resolution settings. Fig. 7(b) shows the power spectrum of the potentiostat output when presented with a 45-nA sinusoidal current at 1 Hz. The was set to 400 nA. The gain and OSR were set to 4 and respectively, resulting in a sampling rate of 64 S/s. Fig. 7(c) shows the effect of the programmed ADC gain on root mean square (rms) current noise. The OSR was changed for each gain to set the sampling rate to 250 Samples/s. Fig. 7(c) shows the potentiostat input-referred current noise versus the digital gain. The output noise decreases from 1.5 least-significant bit (LSB) for a gain of 1 to 1.1 LSB for a gain of 16 (full scale of 12 b to 8 b, respectively).
A. Neurochemical Interface
B. Neuropotential Interface
The measured gain and bandwidth of the closed-loop bandpass amplifier are shown in Fig. 8(a) . The midband gain was 39.6 dB. The amplifier's bandwidth was adjustable from 140 Hz to 8.2 kHz by tuning from 0.1 to 8 A and the low-frequency cutoff was measured to be 0.24 Hz. The amplifier's common-mode rejection ratio (CMRR) and power-supply rejection ratio (PSRR) were larger than 76 dB for inputs between 1 Hz and 10 kHz at an electrode offset of 50 mV. The amplifier total harmonic distortion (THD) was below 1% for inputs within 9.4 . For a 250-Hz bandwidth (suitable for EEG recording), the thermal noise level was approximately 100 nV/ Hz. Integration of the PSD from 0.1 Hz to 5 kHz yielded an input-referred noise of 1.65 and a noise efficiency factor (NEF) [42] of 3.2.
The power spectrum of the digitized output, when a 50-Hz 1-m sine wave was presented to the amplifier, is shown in Fig. 8(b) . The amplifier bandwidth was set to 150 Hz. The ADC was set to 10-b resolution and a gain of 1 leading to a sampling rate of 1 kSamples/s. The THD of the channel was measured to be less than 0.3%. The channel noise in terms of LSB was 1.2 LSB (2.5 ), which is suitable for monitoring all modalities of neural potentials.
C. Wireless Power Harvesting and Telemetry
The wireless power harvesting and telemetry module was characterized in two steps. First, only the inductive link was tested by driving the primary coil with a class-E amplifier and monitoring the power delivered to a passive resistive load on the receiving side. Next, the voltage induced in the secondary coil was conditioned by the wireless module circuitry to characterize the voltage regulation and data telemetry and their effect on the input-referred noise of the neural interface.
The primary coil had a diameter of 50 mm and had 10 turns. The secondary coil also had 10 turns, but with a diameter of 20 mm. While a larger secondary coil would harvest power more efficiently, the size is constrained as the coil is meant to be implanted subcutaneously. The frequency of operation was chosen as 4 MHz which has been shown to be optimal for power transfer across biological tissue [43] . Resistive loads of 10 k and 100 k were connected across the secondary coil. The coils were aligned parallel and coaxial, and the distance between them was varied from 10 to 30 mm. Fig. 9(a) shows the ratio of the power received at distance to the power received at 10 mm at both loads. The figure also shows the theoretical profile calculated from (6) . As can be seen, for both loads, the ratio of the power received as a function of follows the same trend as the theoretical prediction, although it is consistently lower. This is possibly due to environmental losses not considered in (6) . Also, we have assumed that the magnetic field generated by a coil is directly proportional to that generated by a single current carrying loop, which is not the case, given the 3-D geometry of the implemented coils. Fig. 9(b) shows similar results but for various offset distances between the axes of the coils. Again, the measured values follow the same trends as the predicted values. The reduction is that the induced voltage is less because the magnetic field increases in intensity going from the center to the periphery of the coil. This makes up for the increased distance between the coils due to the lateral misalignment. Fig. 10 shows an oscilloscope trace of the regulated 3.3-V supply used to power the neural interface chip (top panel). During the wireless operation of the system, the readout clock (second panel) is generated from the 1-MHz system clock provided by the telemetry module. This clock was used to shift out the digitized neural data (third panel) that modulated a load on the secondary coil. The bottom panel shows the demodulated data at the base station. Stable operation of the circuit was achieved with up to 3.5-cm separation between the coils (less than a 1% change in the regulated voltage supply). Data transmission was also tested up to 32 kb/s, resulting in a bit-error rate (BER) of less than . We also characterized the effect of wireless power delivery on noise performance of the neuropotential interface system. Fig. 11(a) shows the measured channel noise for different distances between the coils. As expected, there is more noise in the harvested power supply than the wired power supply leading to an increase in the channel noise from 2 to 2.3 b compared to the maximum noise of 1.1 b in the wired case. The measured channel noise decreased with increasing distance between the two coils, possibly due to reduced electromagnetic interference (EMI) with circuit operation at larger distances and reduced ripple in the regulated supply voltage.
As described before, we used an LSK modulation scheme to transmit the low-data-rate EEG data back to the base station via the same inductive link. This load modulation on the receiver coil results in a modulation of the rectified voltage at the same rate. These fluctuations on the rectified voltage will result in a noise on the regulated supply voltage. The noise on the power supply will, in turn, change the input-referred noise of the system. The relationship between the modulation of received voltage and input-referred noise of the system is highly nonlinear and is not modeled here. Nevertheless, to gain an intuitive understanding of the relationship and to determine the optimal telemetry data rate, we characterized the circuit noise performance for different data-transmission rates. Fig. 11(b) shows the channel input-referred noise versus the data-transmission rate when the two coils were separated by 25 mm. The rms value of the regulated voltage was 3.27 V. The noise increased rapidly for data rates of less than 5 kb/s. This is likely due to the nature of our modulation scheme, LSK, which operates by changing the load resistance driven by a secondary coil. Assuming a repeated "10" data stream (square wave), from (6) and (7), it can be seen that the input going to the voltage regulator will switch between two levels at the frequency of the data stream. The voltage regulator can be thought of as a proportional controller that keeps the regulated voltage equal to a reference. The controller has a time constant which defines how fast it can respond to changes in the input. For changes slower than , the controller will be able to respond and change the output in relation to the input. This manifests as a change in the power supply that adds more noise to the system. On the other hand, if the input changes faster than , the regulator will filter out the high-frequency changes and the output will remain stable.
D. System-Level Characterization
To characterize the overall system-level operation of the combined neural interface and telemetry system, we performed functional tests comprising all three modules simultaneously, and in-vivo tests focusing on the neuropotential and telemetry module. Fig. 12 shows the in-vitro-acquired data from wireless operation of the system comprising the neurochemical/neuropotential interface chip and the power harvesting and telemetry chip. Prerecorded EEG data from the rat somatosensory cortex were streamed from a function generator to a saline solution while boluses of 1-M dopamine were added to the solution. Electrochemical detection was performed by using a commercial carbon fiber electrode (CF30-50, WPI, FL) and a Ag/AgCl reference electrode (Bioanalytical Systems, IN). The neuropotential channel was interfaced to the solution by using a screw electrode (PlasticsOne, VA). The neuropotential interface was programmed with a digital gain of 1 and an OSR of leading to a sampling rate of 1 kSamples/s. The neurochemical interface was set to a digital gain of 16 and an OSR of , leading to a sampling rate of 16 Samples/s. The digital output of the chip was recovered after demodulation on the receiver side. The top and bottom panels of Fig. 12 show the recorded EEG and dopamine concentration waveforms, respectively.
1) Wireless Simultaneous Neurochemical and Neuropotential Recording:
2) In-Vivo Wireless EEG Recordings: Although the 8.2-kHz bandwidth of the neuropotential interface by itself is capable of recording spike signals, the telemetry system limits the data transfer to lower bandwidth electrical signals, such as LFPs, since the same link is used for transmitting data as well as power. For BCI applications using EEG or ECoG, the system can support wireless acquisition of these signals. As a proof of concept, EEG recordings were performed on a male human subject fitted with a 20-electrode cap with gel-based electrodes (Electro-Cap, Eaton, OH). A single electrode at position was connected to the interface circuit, and the subject was asked to open and close eyes at 4-s intervals. The EEG data were sampled at 500 Hz and digitized to 10 bits. Fig. 13 shows the time-frequency plot of the recorded waveform under wireless operation. The dotted lines denote the closing and opening of the eyes. As can be seen, the power in the 11-Hz band ( activity) increases during eye closure.
IV. CONCLUSION
We have presented an integrated acquisition system for the wireless recording of neuropotential and neurochemical signals. Multimodal sensing of electrical and chemical activity is provided by a flexible signal acquisition and processing architecture with digitally parameterized frequency corners and midband gains, and with variable decimation parameters in the oversampled data conversion. The presented potentiostat module allows monitoring of electroactive neurochemicals with picoampere sensitivity and offers configurable gain and resolution settings for wide-range sensing. Tunable filters in the neuropotential amplifier front end selectively amplify the signal of interest, ranging from spikes to EEG. The configurable gain and resolution setting in the ADC stage allows the optimum quantization based on the dynamic range and frequency content of the acquired signal. The amplifier's input-referred noise was below 2 , consistently providing low-noise performance. The neuropotential and neurochemical interface modules are integrated on a single microchip consuming 140 W of power from a 3.3-V supply at a sampling rate of 1 kSamples/s. Electromagnetic induction was modeled over different separations and axial offsets between the coils. Based on the results and the power-conditioning circuitry, we were able to assign an operational range to the power harvesting. The wireless power harvesting module was able to provide the power and clock for interface operation at distances up to 3.5 cm and axial offsets up to 1.1 cm and can transmit data up to a 32-kb/s rate with negligible BER. RF operation increased the input-referred noise of the system from 1.1 to 2.1 LSB. The operation of the complete system comprising neurochemical and neuropotential modules over the wireless link was characterized, and in-vivo tests showed acquisition and the wireless transmission of EEG signals. The performance of the system is summarized Table I . To our knowledge, this is the only system which offers true synchronous monitoring of the neuropotential and neurochemical activity. Moreover, the wireless power transmission makes the system amenable for ambulatory monitoring. However, the low-data-rate telemetry module restrains us from acquiring fast neural signals. Our future work includes designing high-data-rate RF links and simultaneous in-vivo monitoring of glutamate concentration and EEG from rat somatosensory cortex following cardiac arrest.
The presented system sets a framework for advancing both clinical aspects of neuroengineering, and research aspects of neuroscience. While typically used neural instrumentation systems are purely electrical or use large and expensive instrumentation for combined neurochemical and neuropotential sensing, the presented integrated system opens a new avenue for the real-time study of the interplay between neurochemical and electrical activity in awake behaving animals. Applications of the system to neuroscience research include studying the cerebrovascular pathology of aging and monitoring of chemical and electrical neural activity in normal and diseased brains. Applications to clinical neuroengineering include future generations of the BCI system, detection of epileptic seizures, and monitoring EEG signals and excitotoxic neurotransmitter activity following global ischemia.
